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Abstract This study concerns an evaluation of pulsatile flow and arterial wall behavior in a real world
model of a stenosed abdominal aorta and iliac arteries. Two different geometries of a healthy and
severly stenosed abdominal aorta, extracted from CT scan images and simulations of fluid flow and tissue
interaction (Fluid Solid Interaction), are carried out. The blood is taken as incompressible, non-Newtonian,
and the arterial wall tissue is treated as isotropic, elastic material with uniform mechanical properties.
The results of using two models with rigid and flexible walls are presented and compared. The computed
pressure at the abdominal aorta for a flexible healthy wall is consistent with measured values in vivo
conditions. Results show that the computed pressure is lower by 15% for the flexible model, as compared
to the rigid and complaint models. Although results obtained from the FSI study of pulsatile healthy and
stenosed models show a similar trend for Wall Shear Stress (WSS) patterns, considerable differences in
magnitude exist. It is shown that for the cases presented here, the effects of wall flexibility and actual
stenosed geometry on the flow performance of veins are noticeable.
© 2012 Sharif University of Technology. Production and hosting by Elsevier B.V.
Open access under CC BY license.1. Introduction
Blood flow modeling is an important topic of CFD biome-
chanics. Flow in different arteries has been analyzed by several
researchers in recent years (e.g. [1,2]). As the CFD solvers evolve,
e.g. due to more complex fluid–solid interaction, more realis-
tic solutions are possible. Despite these efforts and advances,
there are still complicated questions around, e.g. the interac-
tion of blood flow and various artery diseases. Even thoughmal-
adies of the arteries, such as stenosis, are complex diseases by
nature, their occurrence is directly related to flow properties,
such as Wall Shear Stress (WSS) [3], for the most part. Blood
flow in simple geometries, and in rigid arteries has been in-
vestigated by many researchers [4]. In some later studies, wall
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Open access under CC BY license.deformation is also allowed in the modeling of blood flow
problems, [5–8]. In recent years, scientists have tried to model
their problems under more realistic conditions [9]; however,
there is a long distance between biomechanical assumptions
and real human body conditions [10–12]. Separate and coupled
studies of hemodynamics and wall mechanics are presented in
much research, but there are no exactmeasurements for in vivo
conditions.
The abdominal aorta is one of the main arteries of the
human body, which transfers blood from the thoracic aorta to
the abdomen cavity. There is much research that has studied
blood flow through the abdominal aorta and its branches
[13–16]; some others [17,18] have also considered the flow
through such diseased veins. This study focuses on carrying
out a more realistic flow simulation in healthy and unhealthy
arteries, taking into account the pulsatile flow of blood in real
geometries of flexible arteries. By this, one can assess how close
a simulation might be to a real world situation. Regarding the
fact that no real life data is at hand for such a complicated
problem, the analysis will be carried out through comparing
the effects ofwall deformation, flow temporal variation and real
geometry effects on the performance of ordinary and unhealthy
vessels.
In the present analysis, blood flow in the abdominal aorta
and iliac branches is modeled. This flow is considered non-
Newtonian and completely laminar, based on accepted criteria
of the Reynolds Number [19]. The geometries are extracted
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Abdominal aorta with local stenosis; inlet lumen diameter is 20 mm (right).
from CT scan pictures of the abdominal aorta of healthy persons
and ill persons inflicted by arteriosclerosis. As mentioned
before, in order to have more realistic modeling, artery walls
are considered to be flexible. The mechanical properties of
wall material for healthy arteries were determined [20,21],
but for unhealthy arteries, these properties are not precisely
at hand. Therefore, in this analysis, the standard relevant
values of mechanical properties are used for such cases.
The software ANSYS Multiphysics [22] was utilized for the
numerical simulation of FSI between the arterial wall and blood
flow in arteries. Two models, (a) a rigid wall model and (b)
a flexible wall model, have been considered throughout this
study. In the first model, no wall deformation is allowed, while
in the second model, wall deformability is taken into account
and a whole fluid–solid problem is solved.
2. Problem definition
The problem considered is unsteady flow through the
abdominal aorta and iliac arteries. Two cases were studied
here: a pulsatile flow model with a rigid wall assumption
(Model (a)) and a coupled model of pulsatile flow with a
deformable wall (Model (b)). The term ‘‘coupled’’ is used todescribe the fluid–solid interaction. Bothmodels, (a) and (b), are
implemented for healthy and unhealthy geometries.
The considered geometries in this work are obtained from
CT scan images of human arteries. The healthy geometry is
acquired from a 57 year old male and the unhealthy one is
collected from a 62 year old male patient with local stenosis in
the abdominal aorta before iliac branches and another stenosis
in the right iliac branch, shown in Figure 1. As thewall thickness
variation is not clear in CT scan pictures, the thickness for both
geometries is assumed uniform and equal to the typical value
of 1 mm for the abdominal aorta and 0.5 mm for the iliac
branches [20].
The flow was assumed to be incompressible, laminar and
non-Newtonian, while the wall material was isotropic and
linearly elastic. The blood is supposed as a non-Newtonian fluid
with a density of 1050 kg/m3. The power law is applied for the
constitutive equation of blood as:
µ (γ˙ ) = K γ˙ (n−1), (1)
n = 0.785,
K = 0.0134 kg sn−2/m.
The fluid boundary condition is the velocity at the inlet at
the abdominal aorta section and the pressure outlet at two
iliac branches. In the following, these boundary conditions are
particularly explained.
2.1. Fluid modeling (Model (a))
As the walls are rigid in this model, only the fluid field is
solved in this section. For both healthy and ill abdominal aorta,
the pulsatile flow was specified at the inlet as a physiological
velocity waveform, with a period of 0.75 s, based on the
normal condition of the human body [20]. The inlet and outlet
boundary conditions are presented in Figure 2. The values
on the charts are defined for the abdominal aorta and iliac
branches under normal conditions. Simulation of this unsteady
flow showed that the results are sensitive to temporal variation
and particularly any time derivative discontinuity in boundary
conditions. Therefore, instead of using the boundary conditions
shown in Figure 2, their interpolations, using a continuous
Gaussian function, are applied. Figure 3 shows an example of
the interpolation of the inlet velocity vs. time.
For the case of an abdominal aorta with local stenosis,
the outlet pressure remains the same as shown in Figure 2.
Although the inlet velocity for the unhealthy aorta follows
the same function of Figure 2, the curve is scaled to have aFigure 2: Physiological velocity at inlet of aorta (left) and physiological outlet pressure of iliac (right) for healthy arteries.
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maximumsystolic velocity of 0.06m/s. In otherwords, the heart
blood ejection is reduced for the unhealthy aorta, in order to
preserve more realistic pressure at the inlet. This assumption is
consistent with the reality of the human cardiovascular system.
The governing equations for the conservation of mass and
momentum of an incompressible fluid are three dimensional,
time-dependent Navier–Stokes equations, which in index
notation are:
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for i, j = 1, 2, 3, (3)
where ρ is fluid density, t is time, xj is the Cartesian coordinate,
Ui are components of the velocity vector, P is pressure, andµeff
is fluid effective viscosity. These flow equations, together with
the prescribed conditions, were solved, using ANSYS-CFX [23],
commercial CFD software, based on the finite volume method.
2.2. Fluid–solid modeling (Model (b))
InModel (b), the tissuewas considered to be incompressible,
isotropic and linearly elastic, with a Young’s modulus of
1.2 kPa, a Poisson ratio of 0.4998 and a density of 1121 kg/m3.
The wall thickness is uniform, at 1 mm, in abdominal aorta
regions, whereas in the iliac region, it is set at 0.5 mm. Radial
displacement is the only boundary condition allowed at theinlet and outlet of the veins, and other components are set to
zero. The motion of an elastic solid is mathematically described
by the equations shown below:
ρw
∂2u
∂t2
= ρB+ (λ+ µ)∇e+ µ div ∇u, (4)
e = div u,
where u is the displacements vector, ρw is the wall density and
Bi are the components of body force acting on the solid. Also, λ
and µ are Lame’s coefficients and related to Young’s modulus
and the Poisson ratio, as follows:
ν = λ
2 (λ+ µ), EY =
µ (3λ+ 2µ)
µ+ λ . (5)
The inlet and outlet boundary condition for Model (b) are
shown in Figure 4 and approximated in the same manner
as Model (a), i.e. boundary conditions are interpolated, using
a continuous Gaussian function (Figure 3). The inlet velocity
has the same trend as Figure 2, but outlet pressure follows a
different physiological function. The time delay between the
maxima of velocity and pressure in the abdominal aorta and
that of iliac branches is also observed in realmeasurements [20]
and applied in Model (b) (Figure 4). The same reduction of
velocitymagnitude as ofModel (a) was applied for the stenosed
case to provide acceptable pressures.
Twowell-established codes, ANSYS and CFX,were employed
to solve the solid and fluid equations, respectively. Data
communication between the modules is automated by the
MFX branch of the ANSYS Multi-field solver. In this coupled
scheme, data is communicated between two field solvers
through standard internet sockets using a custom client–server
communication protocol. There are interpolation functions that
interpolate the computed surface loads of one solver and
transfer them to another. Details of this iterative algorithm can
be found in [23].
3. Computational details
Pulsatile flow in the abdominal aorta and its branches was
simulated, using the conditions described in the preceding
section. The two iliac branches have the same lumen diameter,
and it is expected that the outlet condition for these branches
will also be the same. In ANSYS-CFX, the ‘‘Opening’’ type
boundary condition is applied to outlets and the static pressure
of Figure 2 is set at this position. Moreover, the velocity
gradient, at a normal direction to the outlet surface, is
considered to be zero, which produces more realistic solutions.Figure 4: Physiological velocity at inlet (left) and physiological outlet pressure (right) for healthy arteries.
1300 M. Alishahi et al. / Scientia Iranica, Transactions B: Mechanical Engineering 18 (2011) 1297–1305Figure 5: Computational grid for healthy aorta.
Figure 6: Computational grid for locally stenosed aorta.
Although the outlet lumen diameters are different for the
stenosed case, the ‘‘Opening’’ type boundary condition is
capable of adjusting the outlet pressure to comply with the
situation at hand.
The flow domain was discretized into a large number of
tetrahedral cells, i.e. 868,868 elements for healthy and 635,939
elements for unhealthy cases. These meshes are resulted
from a grid independency study. Figures 5 and 6 show the
computational grid for each problem. Both models, (a) and
(b), were solved for three consecutive physiological cycles to
attain a reasonable periodic solution for each model. Also,
the problems are solved with different values of time step in
order to obtain time step independent results with satisfactory
accuracy. At last, the efficient and acceptable time step was
found to be 0.025 s. The computational Advection scheme
employed in the CFX solver for the fluid domain is second
order accurate in space, and the chosen time scheme that is a
backward Euler method is also in the second order of accuracy.Figure 7: Computed inlet average pressure at abdominal aorta under healthy
condition.
4. Results and discussion
The results for flow and wall mechanical data, including the
distribution of velocity, wall shear stress and wall stress, are
presented at selected time instances. As mentioned before, the
period of the physiological cycle equals 0.75 s. In the following
sections, first the results of a healthy aorta for two models,
(a) a rigid wall, and (b) a flexible wall, are exhibited and after
that, the results of stenosed arteries, again, for both models are
presented.
4.1. Flow in healthy abdominal aorta and iliac branches
In this section, the results of two models, (a) and (b), for
healthy aorta are represented. The geometry of this problem is
shown in Figure 1. The computed spatial average pressure at the
abdominal aorta, at the inlet section, is shown in Figure 7.
The typical pressure in the abdominal aorta, in each phys-
iological cycle, varies from between 9.233 and 14.665 kPa or
70–100 mmHg, [20]. As shown in Figure 7, the computed in-
let pressure of a deformable wall is in closer agreement with
the pressure in a normal abdominal aorta. This point is stud-
ied again in the last section. For a rigid wall assumption, the
computed pressure at the inlet follows the same physiological
function as the velocity function in Figure 2. Maximum inlet
pressure occurs at the same time as maximum inlet velocity,
due to the rigidity of the wall and the incompressibility of the
fluid. This coincidence is displaced for deformable wall results,
as shown in Figure 3. However, the inlet pressure function for
the rigid wall contains two peaks (Figure 7). The second peak
happens at a time of maximum outlet pressure. It is obvious
that with the wall deformability considered, this peak is also
displaced.
Figures 8 and 9 show pressure and velocity variations along
the midline of the arteries at different times. In each chart, the
inlet station is located at Y = 0, and the curves are plotted at
different flow times. At time t = 0.1 s, a maximum systolic ve-
locity of 0.6 m/s happens at the inlet. After this systolic peak,
the physiological velocity decreases until it reaches zero value,
at t = 0.3 s. At t = 0.6 s, the inlet velocity is approximately
0.15 m/s and it seems to be near the second peak of the physi-
ological velocity function in Figure 2.
Comparison of the results of two models shown in Figures 8
and 9 reveals the importance of wall deformability in the
simulation. As can be seen, the deformability of thewall reduces
M. Alishahi et al. / Scientia Iranica, Transactions B: Mechanical Engineering 18 (2011) 1297–1305 1301Figure 8: Computed pressure and velocity along the midline of arteries for Model (a).Figure 9: Computed pressure and velocity along the midline of arteries for Model (b).Figure 10: Rigid and deformed cross sections of arterial wall for different locations. Also, contours of von Mises stress on these sections are shown.the maximum velocity in the throat at all times. Therefore, as a
result, the total pressure drop for Model (b) is smaller than that
of Model (a).Comparison of the results of the twomodels also shows that
for healthy arteries, the flow in the two iliac branches is the
same. Figure 8 shows that the velocity and pressure variation
1302 M. Alishahi et al. / Scientia Iranica, Transactions B: Mechanical Engineering 18 (2011) 1297–1305Figure 11a: Computed WSS for both models, (a) and (b), for healthy arteries.Figure 11b: Zoomed view of the bifurcation region in systole time, t = 0.1 s.
at the midline of two iliac arteries are comparable. However,
the difference between flows in the two iliac arteries of Model
(b) is more pronounced (Figure 9). This is due to the different
deformability of left and right branches of iliac arteries caused
by their dissimilar levels of stenosis. Note that thicknesses are
the same, but lumen diameters are different for two branches.
Figure 10 shows wall deformations in different locations of theFigure 12: Computed inlet pressure at abdominal aorta under unhealthy
condition.
arterial wall at systole time, t = 0.1 s. This figure corresponds
to Model (b).
Although the same figures as Figure 10 can be drawn
for other times, the shown result at systolic time is of
more importance, since both pressure and velocity have their
maximum value at this time. In Figure 11a, Wall Shear Stresses
M. Alishahi et al. / Scientia Iranica, Transactions B: Mechanical Engineering 18 (2011) 1297–1305 1303Figure 13: Computed pressure and velocity along the midline of arteries for Model (a) of a stenosed rigid artery.Figure 14: Computed pressure and velocity on the midline of arteries for Model (b) of a stenosed flexible artery.Figure 15: Original and deformed cross sections of arterial wall at different locations. Also, contours of von Mises stress on these sections are shown.(WSS) for bothmodels, (a) and (b), are presented. Themaximum
value of WSS occurs close to the bifurcation region.As can be seen from Figure 11a, the maximum WSS for
Model (b) is less than that of Model (a) at almost all times.
1304 M. Alishahi et al. / Scientia Iranica, Transactions B: Mechanical Engineering 18 (2011) 1297–1305Figure 16a: Computed WSS for both models, (a) and (b), for stenosed arteries.The location of maximum WSS for both models is near the
bifurcation region that is consistent with real life situations.
In Figure 11b, the zoomed view of the bifurcation region in
systole time, t = 0.1 s, is shown. For most patients with
abdominal aorta arteriosclerosis, the stenosis starts to grow
near the bifurcation of the iliac arteries.
4.2. Flow in stenosed abdominal aorta and iliac branches
As mentioned before, for abnormal abdominal aorta and its
iliac branches, it is assumed that the range of inlet velocity is
1/10 the normal range of velocity in normal abdominal aorta.
This assumption results in more realistic pressures at the inlet.
The computed pressure at the inlet is shown in Figure 12.
By comparing Figures 7 and 12, it is clear that for both cases
of healthy and diseased arteries, wall deformability plays an
equally important role in modeling the flow in blood vessels.
A similar pattern of the presentation of results as the
pervious section is also used in this section. The following two
figures show pressure and velocity variations along themidline
of arteries at different times. The inlet surface is located at Y =
0. The two outlets are at the position of Y = −0.366 m.
As discussed previously, there is a local stenosis in the right
branch of the iliac artery. This area reduction in that area is
consistent with the results of Figure 13. As in the throat of
the right iliac artery, velocity increases, and pressure along the
midline has a minimum point. This variation of pressure and
velocity is also observed in Model (b) for unhealthy arteries, asFigure 16b: Zoomed view of the bifurcation region in systole time, t = 0.1 s.
shown in Figure 14. Two charts in Figures 13 and 14 show the
same trends.
Figure 15 shows the von Mises equivalent stress in the solid
domain for the systole time, at t = 0.1 s. Also, in this figure,
the deformed and original cross sections of the arterial wall at
different locations are presented.
As canbe seen fromFigure 16a, themaximumWSS forModel
(b) is less than that of Model (a), at all times, except t = 0.2 s.
This result is the same as that of Figures 11a and 11b for healthy
arteries. Also, in Figure 16b, the zoomed view of the bifurcation
M. Alishahi et al. / Scientia Iranica, Transactions B: Mechanical Engineering 18 (2011) 1297–1305 1305region at systole time, t = 0.1 s, is shown. As in the normal case,
the location of maximum WSS for both models is near to the
bifurcation region, which is consistent with real life situations.
5. Conclusions
In this analysis, the blood flow and vein deformation in
the abdominal aorta and iliac branches under healthy and
stenosis conditions were simulated. The geometry of all vessels
was extracted from CT scan images. Also, each problem was
solved, using two different models. The first considered model
consists of rigid walls, and the other one is assumed as having
deformable elastic walls. For the healthy aorta, the computed
maximum systolic pressure and the minimum pressure in the
abdominal aorta are close to values in real life situations.
For both geometries, the final conclusions are:
1. For healthy arteries, the maximum WSS occurs near the
bifurcation region. Therefore, this region is more amenable
to particle deposition and consequently enhancement of a
stenosis problem. This result is also seen in patients who
suffer from arterioscl erosis in abdominal arteries.
2. Any kind of tangible stenosis in the main arteries of the
body produces a severe pressure drop in the cardiovascular
system. Although some mechanisms of the human body
reduce heart ejection to some extent, in response to stenosis,
there is no concrete and complete information about this
point. In the present study, a smaller discharge is used for
unhealthy arteries, in order to have more realistic pressure
drops.
3. The results of models with rigid and flexible walls show
the importance of wall deformability in the analysis, as the
pressure drop results ofModel (b) for healthy aorta are closer
to experimental values than the results of Model (a).
4. Although arterial wall deformation is small, it plays an
important role in the fluid field results. For example, in
Model (b) the predictedmaximum systolic pressurewas 15%
less than that of Model (a).
5. For unhealthy arteries, the maximum WSS is greater than
in a healthy case. This is because in unhealthy cases, the
minimum cross sectional area of lumen is reduced, which
increases velocity and produces larger WSS. As a result, it is
clear that under unhealthy conditions, the stenosed zones
are more prone to complete obstruction.
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